Abstract Under extreme environments, such as a blast or impact event, the human body is subjected to high-rate loading, which can result in damage such as torn tissues and broken bones. The ability to numerically simulate these events would help improve the design of protective gear by iterating different configurations of protective equipment to reduce injuries. Computer codes capable of simulating these events require accurate rate-dependent material models representing the material deformation and failure (or injury) to properly predict the response of human body during simulation. Therefore, the high-rate material response must be measured to allow for simulation of high-rate events. This study seeks to quantify the highrate mechanical response of human femoral cortical bone for use in high fidelity human anatomical models. Cortical bone compression specimens were extracted from the longitudinal and transverse directions relative to the long axis of the femur from three male donors, ages 36, 43, and 50. The compressive behavior of the cortical bone was studied at quasi-static (0.001/s), intermediate (1/s), and dynamic (*1000/s) strain rates using a split-Hopkinson pressure bar to determine the strain rate dependency and anisotropic effect on the strength of bone. The results indicate that cortical bone is anisotropic and stronger in the longitudinal direction compared to the transverse direction.
Introduction
Human long bone has a complex hierarchical structure organized at a variety of length scales, as shown in Fig. 1 . At the nano-scale, cortical bone is comprised of collagen and hydroxyapatite crystals. At the micro-scale, these constituents organize into mineralized collagen fibrils. Fiber arrays are further organized into a lamellar. Cylindrical structures (Haversian structure) of multiple concentric lamellae surrounding central blood vessel (Haversian canal) are osteons. These cylindrical osteons are about 200 lm in diameter [1] and their long axes are oriented parallel to the longitudinal axis of long bones, such as the femur, tibia, fibula, etc. This orientation of osteons creates an anisotropic mechanical response such that cortical bone demonstrates different properties based on orientation. This anisotropy must be understood and incorporated into material models to properly represent the deformation behavior. Several studies on bone have been conducted to study the fracture behavior at the micro-scale during quasistatic loading [2, 3] . The fracture behavior of human bone has also been investigated at high loading rate [4] [5] [6] . In addition to fracture response, understanding the anisotropic compressive response of bone is critical for building accurate material models.
McElhaney [7] first investigated the strain rate dependence of human cortical bone in compression. The highrate properties were studied using a piezoelectric load cell and compressed gas powered piston system up to strain rates of 1500/s. He found that bone was viscoelastic and rate dependent in compression, increasing in stiffness and strength with increased strain rate. His study used embalmed bone; others have shown that the ultimate strength, maximum strain, and elastic modulus measurements made on embalmed bone do not represent the nonembalmed in vitro bone response [8] , and that the level of formalin concentration in the storage fluid affects the material properties of the bone [9] . In addition, high rate loading experimentation is complex; it is vital to understand the specimen stress state during the transmission of the loading stress wave. The specimen could be experiencing varying stress states during the experiment if the loading stress pulse is not properly shaped. During the last half century, high rate experimentation has improved, making modern high rate experimental data more reliable. A major goal of the current study was to improve the understanding of the strain rate dependent mechanical response of bone. This was achieved by examining the ratedependent compressive properties of bone that had not been embalmed using modern high loading rate experimental methods. In addition, direct in situ measurement of specimen strain was performed using a novel optical method [10] .
The split-Hopkinson pressure bar (SHPB) experimental method has been used to study the rate dependence of animal cortical bone. Tennyson et al. [11] studied bovine femur over a strain rate range of 10 to 450/s and developed a linear viscoelastic model describing the mechanical behavior. Stress and strain measurements were calculated using typical SHPB wave mechanics. Lewis and Goldsmith [12, 13] developed a biaxial method to test bovine bone under simultaneous compression and torsion, and also under compression, tension, and torsion separately. They used strain gages bonded directly to the surface of the bone specimens for more accurate strain measurements. They found that the pre-fracture response of bovine bone in compression was viscoelastic, and the compressive response increased with strain rate. Additionally, the bone accumulated residual permanent strain after load removal prior to fracture in combined torsion and compression. This deformation mechanism was not observed for uniaxial compression.
Unfortunately, bone specimens need to be dried for proper strain gage adhesion. This drying process has been shown to alter the mechanical response of bone due to the hydration-dependent behavior of bone collagen [14, 15] . Katsamanis et al. [16] studied the effect of loading rate on the elastic modulus and Poisson's ratio of human femoral cortical bone using one-dimensional wave theory and strain gages bonded to the surface of the bone in two directions at multiple locations. The experiments were conducted by impacting small steel balls longitudinally on the bone specimens. The Young's modulus of the bone increased from 16.2 GPa at quasi-static rates to 19.9 GPa at dynamic rates. None of these studies investigated the effect of bone's microstructural anisotropy on the mechanical response.
Tanabe et al. [17] studied the anisotropy of bovine femur and the effect of strain rate up to 100/s. The elastic modulus was found to be strongly dependent on the loading orientation of the bone with the elastic modulus in the longitudinal direction more than double that of the transverse direction. The cortical bone elastic moduli were Fig. 1 Hierarchical structure of cortical bone similar in both the radial and tangential directions. Adharapurapu et al. [18] investigated the rate dependency and orientation dependency of fracture properties and compressive behavior of bovine cortical bone. Similar to what was previously reported, the bone's mechanical response was found to be anisotropic, with the longitudinal specimens about 50 % stronger than the transverse orientation. Both the strength and stiffness of the bovine bone increased from quasi-static to high loading rate, while the elongation decreased. Recently, Cloete et al. [19] and Bekker et al. [20] also studied the rate dependent response of bovine femur using the Hopkinson bar method. The strain rate of their studies ranged from 0.0001 to 1000/s. In these studies, they kept the strain rate constant by using a tapered striker. Their results show that the stress-strain response fell into two distinct concentrations based on the strain rate: the response was similar for all experiments conducted at 0.0001-0.1/s, while a different higher response was reported for experiments conducted in the range of 250-1000/s. Gunnarsson et al. [4] and Sanborn et al. [5] studied the anisotropic fracture response of human femur cortical bone. They found that the fracture toughness depended on the loading rate. Shannahan et al. [6] were able to quantify the loading rate dependent deviation of the fracture process from Mode I tensile to Mode II shear, due to bone anisotropy.
In contrast, Ferreira et al. [21] studied bovine cortical bone at high strain rate using a SHPB apparatus and did not find statistically different results for the compressive strength of longitudinal or transverse specimens. However, the validity of their results may be questionable due to an absence of dynamic equilibrium during their experimentation. Lee and Park [22] found qualitative evidence of anisotropy, in agreement with Adharapurapu et al. [18] using the SHPB technique; however, their experiments also did not achieve specimen dynamic equilibrium, necessary as outlined by Chen and Song [23] . Similarly, Kulin et al. [24] studied the effect of loading rate and age on the failure and compressive behavior of equine cortical bone and found it to be strain rate dependent and anisotropic. They found that the longitudinal direction was both stronger and stiffer at all loading rates compared to transverse specimens, with strength and stiffness increasing as strain rate increased. Porcine cortical femur and skull bone has also been investigated at high rates [25, 26] .
The microstructure of human bone found in long bones is osteonal with a Haversian structure, whereas the microstructure of porcine and bovine bones has a plexiform structure [17, 27, 28] . Haversian structure is typified by canals that run at the center of the osteon along its axis and are surrounded by concentric lamellae. Conversely, plexiform bone is found in animals that reach maturity quickly and is characterized by a brick-like structure that is formed from mineral buds that grow first perpendicular and then parallel to the outer bone surface [27] . Parts of bovine femur may have a Haversian microstructure, while other parts may have a plexiform structure [28] . Since plexiform bone is rarely found in humans, the dynamic mechanical behavior obtained through experimentation on animal bones may not accurately represent the behavior of human bone with a different microstructure. Therefore, it is important that mechanical response studies are conducted with human bones, ensuring accurate material models.
Aside from the work of Lewis and Goldsmith [12, 13] , previous research [18, 22, 24] used traditional SHPB assumptions to measure specimen strain or fracture response. Bone fails at relatively small strains and can be modeled as an elastic material similar to brittle materials, such as ceramics. This small strain to failure makes measurement of strain very important, which is difficult using a far-field technique such as machine displacement or bar signal analysis [23] . A non-traditional non-contact digital image correlation (DIC) method was used in this study to measure the specimen strain at all strain rates, thus avoiding issues associated with bar signal noise, as well as test machine compliance during the lower loading rate experiments. To the authors' knowledge, this is the first study to investigate the rate dependent mechanical compressive response of wet, un-embalmed human femoral cortical bone in two orientations using in situ strain measurement with high rate experiments performed at dynamic equilibrium and constant strain rate conditions.
Experiments Material
Cortical bone samples were extracted from the femur diaphysis (shown in Fig. 2 ) of three male cadavers, ages 36, 43, and 50. Samples were extracted from the anterior, posterior, medial, and lateral regions along the diaphysis. The location of each specimen was carefully recorded. Nominal dimensions of the cube-shaped samples were 3 9 3.25 9 4 mm. The gage lengths of the longitudinal (long) and transverse (trans) specimens were 3.22 ± 0.08 mm and 2.96 ± 0.125 mm, respectively. The cortical bone samples were stored refrigerated (1-4°C) in Hank's Buffered Salt Solution (HBSS) after fabrication and prior to testing to preserve the microstructure and mechanical properties [29] . A total of 71 experiments were conducted for samples taken from directions longitudinal and transverse to the osteon direction in the bone. Table 1 shows the breakdown of the number of individual samples used at each loading rate and direction. Roughly the same number of samples from each donor at each rate was used to obtain an average behavior of cortical bone in uniaxial compression.
Strain Measurements
In these experiments, strain was measured on the surface of the specimen using optical digital image correlation (DIC) by analyzing the images of the speckled specimen surface acquired during the experiment. Initially the DIC software computed the Lagrange strain tensor; the Lagrange strain tensor was then converted to true (or log) strain for all experiments. All strain data reported here are true strains unless otherwise noted. To use DIC, images of the speckled specimen surface were recorded using different cameras based on the strain rate of the experiment. At the quasistatic rate, Point Grey Research Grasshopper cameras were used at a frame rate of 1 fps and a resolution of 2048 by 2048 pixels. At the intermediate rate, a Photron APX-RS high-speed camera was used at a frame rate of 1000 fps and a resolution of 1024 by 1024 pixels. At the dynamic rate, a Shimadzu HPV-2 with a resolution of 312 by 260 pixels was used at a frame rate of 500 K fps.
At the dynamic rate, bar strain pulses were recorded using a high speed (100 MHz) digital oscilloscope using differential inputs to measure voltage change in half-bridge Wheatstone bridge circuits connected to diametrically opposite mounted strain gages on the incident and transmission bars. The oscilloscope was triggered using a pulse width trigger at the end of the incident pulse; the oscilloscope provided a synchronized trigger-out that fired the high power flash and also initiated the recording of the HPV-2 ultra high speed camera. The camera provided an event signal to the oscilloscope for each picture, which allowed for the camera images to be synced to the strain gage data.
Quasi-Static and Intermediate Rate Experiments
An Instron load frame in displacement control was used for quasi-static (approximately 0.001/s) and intermediate (approximately 1/s) rate experiments. The bone specimen strain was measured using DIC [30] [31] [32] [33] . The strain rate was calculated for each specimen using the linear slope of the strain history and was approximately constant from start of loading to until the specimen starts to fail at the maximum load. This technique avoids problems such as alignment of the strain gage relative to the loading axis and other typical limiting factors such as the maximum strain of the gage. DIC provides a full-field strain map on the specimen for each data point (picture); in contrast, a strain gage provides only a single data point, without any insight as to the level of strain uniformity along the specimen during the experiment. For DIC, a high contrast speckle pattern is applied to the specimen surface. Cameras, of various speeds based on the strain rate, recorded pictures of the speckle pattern on the surface of the specimen during compression. During post-processing, the DIC software computes the change in shape and location of the speckle pattern using pixel gray level values. This optical pattern tracking allows for measurement of surface deformation High rate (*1000/s) 14 11 and strain tensors, while accounting for rigid body displacements. For these bone specimens, a light mist of matte black paint was applied to the already light color of the bone to create the speckle pattern.
High Rate Experiments
High rate compression experiments were conducted using a SHPB setup (Fig. 3) . The setup, made of aluminum, consisted of a solid 19.05-mm diameter incident bar with resistive strain gages and a hollow transmission bar (tube) with an outer diameter of 19.05 mm and an inner diameter of 16.17 mm. The transmission bar used semiconductor strain gages to improve the signal to noise ratio of the weak transmitted signal. The engineering stress r s is calculated using [23] 
where A t and A s are the cross-sectional areas of the transmission bar and specimen, respectively. E is the Young's modulus of the bar material, while e T is the strain measured from the transmission bar. Since a hollow transmission bar was used, the strain rate is calculated using
where c 0 is the wave speed of the bar material and L s is the length of the sample. A i and A t are the cross-sectional areas of the incident and transmission bars, respectively. The quantities e i and e r are the incident and reflected signals in the incident bar. The engineering strain is obtained from the time integration of the bar signals in Eq. 2. However, it is difficult to accurately measure strains in brittle materials using only the bar signals. Hence, DIC was also used to measure the strain history and strain rate of the specimen. A typical example of the raw strain gage signals from a SHPB experiment on bone is shown in Fig. 4 . A triangularshaped incident pulse, such as the one shown in Fig. 4 , is typically used for high-rate experiments on brittle materials [23] . The incident bar pulse was shaped to increase the rise time to ensure that the bone specimen was in a state of dynamic equilibrium over the course of the experiment. Verification of dynamic equilibrium requires that the stress state is constant throughout the specimen; this is assumed when the force on both sides of the specimen are equal during the experiment, or F front = F back . The typical forces measured (or calculated) on either side of the specimen, shown in Fig. 5 , verify that the front and back surface forces were approximately the same throughout the experiment. The force history calculated at the front surface (incident bar-specimen interface) is much noisier than the back surface (specimen-transmission bar interface) because of the higher signal-to-noise ratio of the hollow transmission bar and semiconductor gages in it, compared to the solid incident bar with resistive gages. Force at the input bar is calculated by subtracting the reflected signal from the incident signal, which are approximately of the same magnitude. This further amplifies noise and hence the In addition to being in dynamic equilibrium, the cortical bone specimen experienced an approximately constant rate of deformation after an initial ramp loading, as shown in typical strain and strain rate histories in Fig. 6 . Figure 6 shows that after a strain acceleration time from about 10-40 ls, the strain rate becomes approximately constant from 40 to 80 ls, as the sample deformed at an approximate strain rate of between 1700 and 2000/s, using traditional bar signal analysis. The strain data shown in Fig. 6 follows the work by Frew et al. [35] on brittle materials, such as Macor and Indiana limestone. After 80 ls, the specimen begins to fail macroscopically. After failure initiation, there is little resistance to the motion of the incident bar, and after 80 ls, the data is no longer representative of the material response.
Measurement of small displacements of the bar ends is inaccurate because of slight variations in strain gage factor and the inability to prepare perfectly flat and parallel loading specimen surfaces. Elastic behavior is not reported for most materials using only bar signals; specimens with directly bonded strain gages or other techniques are necessary to accurately obtain the small strain mechanical response. For comparison, the bone specimen strain history is extracted using both DIC and the standard SHPB bar signal analysis for one experiment. Strain rate and strain (integrating strain rate) obtained from the bar signal are shown in Fig. 6 . Figure 7 compares the strain data from the two techniques: surface strain from DIC and strain obtained from measured bar strains. The DIC strains were obtained in two different ways. DIC strain (mean) was obtained by averaging the strain over the entire analyzed specimen surface area. The DIC strain (max) data is the largest magnitude of the measured DIC strain from the entire analyzed specimen surface area. As Fig. 7 shows, the DIC strain is much lower than the bar signal strain. There are two reasons for the difference in measurement between the two techniques. First, use of bar signals to measure small displacements is not accurate. This difference between the two techniques emphasizes the necessity for the use of strain gages or optical techniques to measure small strain deformation directly on the specimens. The bar signals are not accurate enough to measure the small displacements obtained in compression on relatively brittle materials. It is for this reason that, traditionally, material modulus is not obtained from bar signals alone.
The second reason for the difference is that there may be a slight gap between the specimen and one of the bars at the beginning of the experiment. This is due to the specimens not being perfectly flat and parallel. Additionally, due to the relatively low strength of the material, the authors did not want to pre-load the specimens by significantly compressing the bars together. It was preferred to leave a small gap to be taken up by the motion of the bar, since even hand compressing of the bars could generate forces of 200 ? N. Since this ''gap take-up'' would contribute to specimen strain using bar signals and be ignored by the DIC strain measurement, this contributes to the difference between the two (and also explains why the bar strain begins to increase earlier than the DIC strain).
The maximum and average DIC strain values are nearly identical up to the maximum load at 85 ls. This indicates that the strain profile over the specimen is relatively uniform up to the maximum load. The two DIC curves diverge after maximum load as the specimen begins to crack or fail, and develops localized strain concentrations. The load and averaged DIC strain histories for the same experiment in Fig. 7 are shown in Fig. 8 . Figure 8 shows that the strain history is not linear up to the max load during the experiment; however, the strain is approximately linear from half load (50 ls) to max load (90 ls). This indicates that the strain rate is approximately constant over the latter half of the experiment, achieved after the incident bar has been accelerated to a constant velocity. It is over this time range that the strain history was used to determine the strain rate of the experiment. For this experiment, the strain rate was approximately 960/s. After maximum load is reached, the specimen begins to fail and the strain rate increases.
The high-rate compression experiments were performed with 19.05 mm diameter bars and 4 9 3 mm specimens. The large diameter of the bars relative to the small dimensions of the specimens created blurred edges in the high-speed imaging due to the bar surface being closer to the optical lens than the focal plane. This limited the amount of axial length of the specimen that was available to be used in the DIC analysis to obtain strain measurements. Smaller diameter bars, such as 12.7 mm or even 6.35 mm, would reduce the blurriness since the bar surfaces would be closer to the focal plane of the camera and produce images where the area of interest for DIC analysis could extend closer to the specimen edges. Though a somewhat narrow area was used to obtain strain measurements, the strain is uniform across this area, indicating the validity of the high rate experimental technique. Figure 9 shows a series of images of a compression specimen with axial-strain contours, during the same high-rate experiment of the previous figures. The eight images (a-h) correspond to the blue point-markers on the load history in Fig. 8 . Figure 9i shows the specimen after failure (displacement contours are not present due to large discontinuous localized deformation). The strain contours in Fig. 9 show that after the maximum load is reached (e), strain begins to localize around cracks, leading to failure. Therefore, the strain data shown in Fig. 8 after maximum load is the averaged strain across the specimen, although there are points of higher strain due to localized deformation (see Fig. 7 for a comparison between averaged and maximum strain after peak load).
Results

Compressive Mechanical Response as a Function of Strain Rate and Orientation
The averaged mechanical response from the quasi-static (0.001/s), intermediate (1/s), and high-rate (1000/s) experiments are shown in Fig. 10 for both longitudinal and transverse orientations. Error bars in all plots represent ± 1 standard deviation (±1r). As the strain rate increased, the mechanical response was stronger and stiffer for both orientations. The longitudinal response was much higher at all strain rates than the transverse response. In addition, it was observed that the elongation to failure was much lower at the dynamic rate for the transverse orientation, indicating the bone became more brittle. In general, the transverse response had a longer flat plateau region corresponding to permanent irreversible deformation after ultimate stress at quasi-static and intermediate rates. This indicates that transverse specimens were more ductile, or perhaps the transversely loaded specimens possess a mechanism, such as increased micro-cracking, which allows for more irreversible deformation before failure. The longitudinal orientation did not show rate dependence on ductility, as the strain to failure over the range of strain rates was fairly constant. This constant value of strain to failure for the longitudinal loading was approximately the same as the strain to failure of the transverse loading at dynamic rate.
The ultimate strength (maximum stress) was found to be dependent on the strain rate for both loading directions. This relationship is linear when plotted on a semi-log scale, as shown in Fig. 11 , meaning that the true relationship is exponential. The longitudinally loaded specimens exhibited a higher ultimate strength compared to transversely loaded specimens for all strain rates.
The data shows a high amount of scatter, which is not surprising because of the typical location to location variability and defects that are present in biological materials. This variability is most likely due to the presence of an appreciable number of natural differences in the bone specimens including: mineral content, microstructural flaws, variations in osteon size, and orientation of osteon Fig. 9 High-rate images of the specimen during the experiment with DIC strain contours at times a 36 ls, b 50 ls, c 62 ls, d 74 ls, e 88 ls (max load), f 98 ls, g 104 ls, h 110 ls, and i 148 ls (fully failed). The length of the speckled bone in the photos is approximately 3-4 mm axes relative to the loading direction. However, as is shown in Fig. 11 , the donor-to-donor variability is surprisingly low (all three donor averages are tightly grouped at each rate) considering the wide range of variables that contribute to bone strength.
Specimen location dependency (relative to location along the diaphysis or angular position) was not investigated. Conclusions regarding any correlation between age and compressive strength could not be made because of both the limited number of donors and the narrow age range of the donors (36-50 years) in this study.
In addition to ultimate strength, the average modulus (initial linear slope of the stress-strain plot) was also found to be loading rate dependent, as shown in Fig. 12 . The average moduli of both the longitudinal and transverse samples increased linearly with strain rate when plotted on a semi-log scale, indicating an exponential behavior. The average modulus also depended on loading direction, with the longitudinally loaded specimens stiffer than the transversely loaded specimens.
A summary of ultimate strain (strain at the maximum stress level) as a function of strain rate is shown in Fig. 13 . The transversely loaded specimens reached a higher ultimate strain compared to the longitudinally loaded specimens at low and intermediate rates; however, at high rate the failure strains of the two directions approached the same range.
Discussion
A comprehensive summary of the strain rate dependent mechanical properties of cortical bone from this study and various other studies is given in Tables 2, 3 , 4, 5. These tables also provide the method used in loading the specimens, test condition of the bone (dry, wet, or embalmed), and the strain measurement method, all of which are critical to the measured results. In addition, for high rate experiments, these tables also contain the status of dynamic This paper demonstrates the importance of direct strain measurements. Far field strain measurements using machine displacement or bar signal analysis could introduce significant measurement error. The compressive properties of human cortical bone are summarized in Tables 2, 3 for loading in the longitudinal and transverse orientations, respectively. Tables 4, 5 provide similar data from animal studies. These tables are not exhaustive of all bone mechanical research, but include select studies where high strain rate response was investigated.
For comparison, the rate dependent compressive strength data from both human and animal studies are presented in Fig. 14 , while corresponding Young's moduli are given in Fig. 15 . In general, the compressive strength increases with strain rate for all species in both longitudinal and transverse loading directions. Transverse strengths are consistently lower than the corresponding longitudinal strengths for all strain rates. These trends are also apparent for elastic moduli.
The moduli measured in the present study were consistently lower than the other studies. This is surprising as the in situ DIC strain measurement provided lower strain values than the corresponding SHPB analysis, which increased the modulus values. If traditional bar analyses had been used, the moduli obtained here would have been even lower. This reinforces the necessity of accurate small strain measurement using DIC, strain gages or other direct techniques.
For the studies shown here, the compressive strength of large mammal femoral cortical bone is somewhat higher than human femoral cortical bone, as would be expected due to the large disparity in body mass. As strain rate increases to dynamic, the large mammal advantage in strength becomes more pronounced. There appears to be less of an effect of species type on the modulus of cortical bone, as the moduli measured in human and animal studies overlap at all strain rates.
Comparison of Cortical Bone Studies
The compressive response found in this study agreed with other studies on human bones. McElhaney [7] found that embalmed human femur has an ultimate strength of 140 MPa at quasi-static rate, while the strength at high rate (1500/s) was 300 MPa in the longitudinal direction of the bone. In general, direct comparisons between embalmed and fresh bone are not recommended because of the significant effects of embalming on bone microstructure and its constituents, leading to altered bone mechanical properties [8] . In an attempt to quantify these effects, McElhaney et al. [8] conducted a comparative study and found that embalming caused a 12 % reduction in ultimate compressive strength. After the 12 % reduction in strength due to embalming was corrected, the range of ultimate strength found for human bone by McElhaney [7] would be 168-355 MPa, similar to the values found in this study.
Reilly and Burstein's [27] quasi-static strength of longitudinal human femur is similar to this study (193 compared to 152 MPa in this study). The compressive strength for the transverse direction, however, was found to be 132 MPa at quasi-static rate, compared to the average value of 86.6 MPa observed in this study.
Like human bone, bovine and equine bone strength measured by Adharapurapu et al. [18] , Bekker et al. [20] , and Kulin et al. [24] , respectively showed rate dependence in compression and found that the behavior was linear with strain rate when plotted in a semi-log plot. Bovine and equine bones had higher ultimate stresses compared to the human bones used in this study, underscoring the necessity for human tissue studies at high strain rates, as these are the rates that are relevant to extreme dynamic environments when developing material response models to be used for numerical simulations of events where humans are involved. Figure 14 graphically shows the compressive strengths of several studies as a function of strain rate. The divergence of animal data from human data at high rate can be seen from this plot. The overall stress-strain trends of cortical bone measured in this study agree with bovine and equine studies in that the mechanical properties of the bone were anisotropic. Unfortunately, some investigators used dry bones for their studies, making it impractical to draw comparisons of the mechanical response to wet bones because of the significant effect of hydration of collagen on the mechanical behavior [14, 15] . 
Elastic Modulus
The modulus (slope of the initial part of the stress-strain curve) from this study was lower than moduli reported from other studies ( Fig. 15; Tables 2, 3 ). The modulus of the bone in the longitudinal direction was 9.15 ± 5.98 GPa at quasi-static rates, while at dynamic rates the modulus was 11.05 ± 3.46 GPa. In the transverse direction, the modulus of the bone was 3.05 ± 1.14 GPa at quasi-static rate and 8.3 ± 3.25 GPa at high rate, averaging over the three donors. Reilly and Burstein [27] observed an orientation dependence on the modulus of cortical bone at quasistatic rate; the longitudinal modulus was 17.0 GPa, and the transverse modulus was 11.5 GPa. Ohman et al. [43] investigated the longitudinal compressive behavior of femur and tibia, and found a combined average compressive modulus of 17.7 GPa. The strain rate dependence on modulus in the current study also differed from published dynamic data. Katsimanis and Raftopolus [16] studied the rate-dependent modulus of human femoral cortical bone in the longitudinal direction and found values of 16.2 and 19.9 GPa at quasi-static and dynamic rates, respectively. A possible cause for this difference could be that Katsamanis and Raftopolus [16] used strain gages bonded to the surface of the bone, which included a 2-day drying period of the bones for strain gages to adhere to the surface. Despite this difference in Young's modulus, the rate of increase in modulus with strain rate was similar. The results of Katsamanis and Raftopolus [16] show a 23 % increase in modulus from quasi-static to dynamic rates, while the results from this study show an increase of 21 % over a similar range of strain rates.
Differences in the measured modulus could be due to preservation methods and moisture content of the specimens; several other investigators dried bones specimens for an extended period of time, which could have affected the measured stiffness. Choi et al. [44] investigated the modulus of human cortical bone from a tibia using a threepoint bend arrangement and found a specimen size dependency on modulus. Specifically, the modulus for relatively large specimens defined as having a height larger than 500 lm was consistently found to be around 15 GPa. Once the specimen size decreased below 500 lm, the modulus dropped to 4.6-5.5 GPa for cortical bone, showing the influence of specimen microstructural effects [osteon diameter is around 200 lm). Choi et al. [44] posited that the reduction in modulus is due to microstructural defects present in the bone. Essentially, as the specimen size drops and the size of the defects such as pores and channels remain constant, defects have a more profound effect on the measured modulus.
Modulus results from the human studies were consistent showing a linear increase in modulus as a function of increasing log of strain rate. The studies conducted on bovine cortical bone by Adharapurapu et al. [18] and Bekker et al. [20] showed little variation in modulus at the low to intermediate strain rates (less than 250/s strain rate) and a significant increase in modulus as the rate increased to the dynamic range. At all strain rates, moduli data from Adharapurapu et al. [18] was always higher than that observed by Bekker et al. [20] . It is necessary to point out that in most of these experiments, strains are measured using either the Hopkinson bar calculations or from the loading machine, and not directly on the specimen.
Comparison of Mechanical Response of Tibia and Femur
The mechanical properties of the femur may not represent the mechanical behavior of other cortical bones in the leg or elsewhere. The compressive results from the present study seem to agree with Ohman et al. [43] , who found the compressive strength of an adult bone to be 191.4 MPa. However, they mixed femur and tibia specimens and presented them as a single average value. Furthermore, a study comparing tibia bone material properties to those of the femur found a similar range of values for the ultimate strength of both bones at low strain rates [40] . However, the stiffness of the tibia was noted to be 34-90 % higher than the stiffness of femur, concluding that the mechanical properties of the femur and tibia are different and should not be grouped together as one material. This finding was consistent with similar comparison studies on the mechanical properties of the femur and tibia [36, 45, 46] . Burstein et al. [40] also showed that femoral tissue undergoes degradation in all mechanical properties with age, while tibial tissue only shows an increase in ultimate strain. The mechanical properties of bone differ not only throughout the body, but also within any specific bone [47, 48] . Studies of the mechanical properties show that the properties of the subchondral bone of the femoral head [49] (the metaphyseal section), which is located between the diaphysis and the epiphysis in the proximal femur, are different from the properties of the diaphysis [50] . Regarding the tibia bone, the metaphyseal [51] and subchondral [44] bones in the proximal tibia have been shown to have properties of lower magnitude in comparison to the diaphyseal bone. Because of the differences in the mechanical properties of the femur and tibia, the use of a single value of yield strength, ultimate strength, or modulus for femur and tibia would be inappropriate. Orais et al. [48] found that the degree of anisotropy also varied along the length of the femur diaphysis. Therefore, when developing a high-fidelity computational model of a human anatomy, each type of bone must be studied separately to obtain its specific material properties.
Summary
A uniaxial compressive study of human femoral cortical bone was completed over a range of strain rates from quasistatic (0.001/s) to high rates (*1000/s). Loading was applied in the transverse and longitudinal directions of the bone axis. An Instron hydraulic load frame was used for quasi-static and intermediate rate (1/s) experiments while a SHPB setup was used for high-rate experiments. Optical strain measurements were performed using DIC with a variety of cameras, depending on the strain rate.
The ultimate strength and modulus were found to be anisotropic, where the longitudinal direction was both stronger and stiffer than the transverse direction. Ultimate strength and modulus increased with increasing strain rate while ultimate strain was constant for longitudinal specimens and depended on strain rate for transverse specimens. The compressive response measured in this study agreed with other studies on human bones.
Any correlations based on the specimen harvest location could not be concluded from this study with the limited sampling size, even though differences in strength, moduli, and hardness have been shown to vary with specimen location along the femur shaft (diaphysis) as well as at the ends (epiphysis). Conclusions about the relationship of age to ultimate compressive strength or stiffness could not be Mechanical properties of the femur should not be applied to other bones for numerical modeling purposes, especially in the case of the tibia, which has been found to have different failure strengths and moduli compared to the femur. Further work is needed to quantify rate-dependent regional variations within the same bone. Additional studies are needed to assess the relationship between possible changes of failure strength with donor age or microstructural details such as osteon density and diameter, mineral content and porosity.
